As endovascular treatment of abdominal aortic aneurysms (AAAs) gains popularity, it is becoming possible to treat certain challenging aneurysmal anatomies with endografts relying on suprarenal fixation. In such anatomies, the bare struts of the device may be placed across the renal artery ostia, causing partial obstruction to renal artery blood flow. Computational fluid dynamics (CFD) was used to simulate blood flow from the aorta to the renal arteries, utilizing patient-specific boundary conditions, in three patient models and calculate the degree of shear-based blood damage (hemolysis). We used contrast-enhanced computed tomography angiography (CTA) data from three AAA patients who were treated with a novel endograft to build patient-specific models. For each of the three patients, we constructed a baseline model and endoframe model. The baseline model was a direct representation of the patient's 30-day post-operative CTA data. This model was then altered to create the endoframe model, which included a ring of metallic struts across the renal artery ostia. CFD was used to simulate blood flow, utilizing patient-specific boundary conditions. Pressures, flows, shear stresses, and the normalized index of hemolysis (NIH) were quantified for all patients. The overall differences between the baseline and endoframe models for all three patients were minimal, as measured though pressure, volumetric flow, velocity, and shear stress. The average NIH across the three baseline and endoframe models was 0.002 and 0.004, respectively. Results of CFD modeling show that the overall disturbance to flow caused by the presence of the endoframe struts is minimal. The magnitude of the NIH in all models was well below the accepted design and safety threshold for implantable medical devices that interact with blood flow.
Introduction
Endovascular treatment of abdominal aortic aneurysms (AAAs) with endografts is gaining popularity in the clinical setting because of faster recovery times and a lower chance of mortality during the procedure when compared to traditional, open surgical repair [1, 2] . Not all patients, however, are candidates for this type of treatment. Some AAA anatomies are challenging to treat and rely on suprarenal fixation for anchoring and stability [3] . In addition, there is evidence that suprarenal fixation is more stable than infrarenal anchoring, because this region of the aorta is less likely to experience dilation [4, 5] .
There are several FDA-approved endografts currently available in the U.S. market and many more devices in the developmental stage. Although there is considerable variation in the configuration of these devices, they always feature a metal scaffold (or endoframe), which is often covered by a graft material, such as Dacron. The graft material does not extend over the full length of the device body, and leaves some of the metal struts of the endoframe exposed at the proximal end of the device. Utilizing suprarenal fixation requires the placement of these bare struts across the renal artery ostia.
The study presented here evaluates the degree of changes in blood flow and blood damage that may occur when an endograft is positioned such that the renal arteries are obstructed by the fabric-free, endoframe structure of the device. Using computational fluid dynamics (CFD), this work explores the hemodynamic and shear-based hemolysis effects of blood flow under such conditions.
Methods
Patient Data. Computed tomography angiography (CTA) data sets from three male patients with diagnosed AAAs were utilized in this study (Table 1) . Patient A had a history of smoking and Patient C had a history of diabetes. The data sets were acquired from an anonymized database of patients who were treated with a novel endograft. All data sets were acquired at 30 days after intervention ( Fig. 1) .
Model Construction. Three patient-specific models were created for this study based on the CTA image data. The abdominal aorta of the three patients was segmented using custom software, SimVascular [6] . In this approach, centerlines were created along the desired blood vessels, which, in addition to the abdominal aorta, included the following arteries: hepatic, splenic, superior mesenteric, left renal, right renal, left external iliac, right external iliac, left internal iliac, and right internal iliac. Cross sections of those vessels were generated along the centerline and then lofted together to represent the final patient geometry. The methodology is illustrated in Fig. 2 for Patient A.
Although each of the patients in this study (Patients A-C) was treated with an endograft, none of the cases featured the device obstructing the renal artery ostia. Each patient model was, therefore, slightly altered as to simulate the bare endograft structure at 1 the proximal end of the device placed across the renal artery ostia. The endoframe structure of the device was constructed using SolidWorks 2010 and then imported into each patient anatomy. The placement of the endoframe struts for each patient model can be seen in Fig. 3 . Each patient data set, therefore, yielded two models: baseline model and endoframe model. The baseline model represented the unaltered patient anatomy and the endoframe model featured a row of metal struts obstructing the renal artery ostia.
Boundary Conditions. Volumetric inflow waveforms were prescribed at the inlet of each model based on a PC-MRI population study completed by Les et al. [7] and detailed in Eqs. (1) and (2) . The waveform was scaled in accordance with the morphometric parameters described in the population study using each patient's calculated body surface areas (BSA) according to the Mosteller formula [8] 
The patient's mean supraceliac (SCFlow) and infrarenal volumetric (IRFlow) blood flows are quantified by Eqs. (1) and (2), respectively, as a function of the body surface area. The following units were used in Eqs. (1)- (3): mean volumetric flows are calculated in milliliters per second (ml=s), the BSA used is in square meters (m 2 ), the height is in meters (m), and the weight is in kilograms (kg).
Because the blood flow in the entire vasculature of the human body is too complex to simulate, we used a lumped-parameters model to represent the vasculature downstream of our geometric model [9] . Each model outlet was coupled to a three-element Windkessel or RCR model. The three parts of the model, R p , C, and R d , correspond to the resistance of the proximal arteries, the artery compliance, and the distal resistance of the vascular bed, respectively. Initially, the values of the R p CR d parameters were computed based on the patient's average blood pressure over the cardiac cycle, flow splits from literature [7] , total resistance, and total compliance. The RCR parameters were tuned during the baseline model simulation to coincide with the patient's recorded blood pressure and expected flow splits.
Simulation. Each patient's baseline model was first discretized into a coarse isotropic finite-element volume mesh using a commercial meshing kernel (MeshSim TM , Simmetrix, Troy, NY). Each of the initial coarse meshes was composed of tetrahedral elements having a maximum edge size of 1 mm. Steady simulations were run with the predicted inflow based on patient body surface area and resistance outlet boundary conditions based on the patient's measured blood pressure and expected flow splits. When the desired pressures and flow conditions were reached, the results were used to run pulsatile simulations. For the pulsatile simulations, RCR outlet boundary conditions were utilized and adjusted a BSA, body surface area in m 2 ; HR, heart rate in beats per minute; BP, blood pressure in millimeters of mercury.
Fig. 1 Maximum intensity projection (MIP) renderings of the
CTA data sets used in this study for the three patients Fig. 2 Geometric models were created for each patient based on CTA data using 2D segmentation techniques. In this method, centerlines were created along the desired vessels, which allowed for vessel segmentation. Finally, the vessel cross sections were lofted together to generate the final geometric model.
such that the calculated pressure at the model inflow was within 5% of the patient's measured systolic and diastolic blood pressure. The flow to each outlet was also adjusted such that it was within 5% of the expected volumetric flow. The desired flow splits were accomplished by tuning the various parameters in the RCR boundary conditions. In general, increasing the capacitance (C) yielded a smaller pulse pressure (and vice versa) and increasing the total resistance (R) increased the blood pressure. It is important to note that the majority of the resistance at each vessel outlet is caused by the downstream vasculature, representing the capillary bed. As such, we prescribed 94.4% of the resistance at each vessel outlet to R d , with the remaining amount assigned to R p . The important exception to this resistance split is the renal arteries, which were assigned a R d value of 72% of the total resistance to account for the relatively low resistance of the kidneys' vascular bed. We adjusted the boundary conditions of the pulsatile simulation until the desired inlet pressure and outlet flow was achieved. The last step in the simulation process was to create a final, locally refined mesh with a local maximum edge size of 0.065 mm, which ensured that at least two finite elements would span even the smallest edge of the endoframe geometry. The local refinement for the baseline models was centered on the renal artery ostia, and the endoframe models were refined based on the location of the imported struts. The statistics for the final finite elements meshes are summarized in Table 2 . The simulations were then run on the new refined meshes using the boundary conditions tuned on the coarse meshes. The pressure and velocity fields were calculated by solving the incompressible, laminar Navier-Stokes equations with a custom stabilized finite-element solver. We assumed the viscosity (l ¼ 0.04 P) and density (q ¼ 1.06 g=cm 3 ) of blood to be constant and gravity was neglected. The walls of the models were defined to be rigid, and a no-slip velocity condition was prescribed at the walls. The shape of the velocity profile was constrained at each outlet with an augmented Lagrangian method [10] to avoid divergence during retrograde flow. This method does not affect the overall amount of flow leaving each outlet, it simply constrains the shape. Eight cardiac cycles were computed for each model's simulation, to ensure convergence and an acceptably low residual or error in the last five simulated cardiac cycles (cycles four through eight). All simulations were run with a time step of 1=1000 of the cardiac cycle, with up to eight nonlinear iterations per time step. The solution at every twentieth time step was saved, so that each cardiac cycle was represented at 50 time points. We applied the same boundary conditions determined during the baseline model simulations to the endoframe models. The pressure, velocity, and flow stresses were calculated for each of the six models examined in this study.
Reynolds Number. The mean and systolic Reynolds numbers were calculated for the left and right renal arteries, just distal of the renal ostia for both the baseline and endoframe models. Equations (4) and (5) were used to calculate the Reynolds numbers:
where q is the blood density (1.06 g=cm 3 ), Q mean is the mean volumetric flow to the right or left renal artery over the cardiac cycle, Q systole is the peak volumetric flow to the right or left renal artery,D mean is the mean diameter of the right or left renal artery, and l is the dynamic viscosity (0.04 P). 
where r is the viscous stress tensor and u, v, and w are the velocity components in the x, y, and z directions, respectively. In addition to viscous stresses, we also accounted for turbulent effects by calculating the Reynolds stress term defined by Eq. (7):
The components of Eq. (7) were determined by analyzing the cycle-to-cycle variation in the velocity field. An ensemble average of the velocity was calculated for the last five cardiac cycles. A periodic average was then defined by extending the ensemble average to the same temporal domain as the original velocity field, in this case, the last five cardiac cycles. The velocity deviation term was defined as the difference between the original velocity field for a given cardiac cycle and the periodic average. The time averaged components of the Reynolds stress defined in Eq. (7) were computed by averaging the velocity deviation term over the last five cardiac cycles of each model's simulation. By summing the viscous (Eq. (6)) and Reynolds (Eq. (7)) stress tensors, the final stress field, s, was obtained for every node over each model's cardiac cycle. We simplified the stress analysis by calculating the scalar stress value at each node according to a Fig. 3 Each patient baseline model was altered to include a row of metal scaffold struts obstructing the renal ostia. The additional set of models is referred to as endoframe models and is depicted above. method described by Bludszuweit [11] and defined by Eq. (8), with subscripts i, j, and k corresponding to the u, v, and w velocity directions:
Normalized Index of Hemolysis. The normalized index of hemolysis (NIH) is a measure of the amount of blood damage caused by shear stresses found in a given flow domain. The NIH [12] , in units of g=100L, is quantified according to the Eq. (9) below:
where DHb=Hb is the change in hemoglobin content of the blood, Hct is the hematocrit count (40% for this study), and j is the hemoglobin content of blood (1.5 g=100L) for this study). There are several models for the change in hemoglobin caused by shear stress in a flow field [13] [14] [15] [16] , and we chose Giersipien's empirical model [16] 
where s is the stress and Dt is the amount of time blood experiences that stress.
To calculate the change in hemoglobin defined by Eq. (10), 200 particles were released into the flow at the inlet of each model. The path of those particles was calculated and the corresponding stress, as defined by Eq. (8), for a given location and time was recorded over the last cardiac cycle. For each of the particles, the total DHb=Hb term was found by integrating over the calculated pathlines. The final DHb=Hb value for each model was the average change in hemoglobin across all 200 generated pathlines.
Results
Pressure and Volumetric Flow. The pressure computed at each baseline model's inflow face agreed well with the respective patient's measured systolic and diastolic pressures, as can be seen in Fig. 4 . The inlet pressure calculated for each of the three endoframe patient models corresponded closely to the waveform shown for the baseline model. The difference between the simulated and measured pressure pulse was less than 5% in all cases. The simulated volumetric flows at the nine vessel outlets of all models were also within 5% of the target volumetric flows. The flows to each outlet agreed well in the baseline and endoframe model for each of the patients examined, at most differing by 0.2 ml=s.
Reynolds Number. The average Reynolds numbers for the right and left renal arteries, computed just distal to the ostia, across all three patients were 1618 and 1499, respectively, during peak flow. With average flow, the average Reynolds values drop to 419 and 388, respectively, as summarized in Table 3 .
Velocity. The velocity was calculated over the domain of each of the six models (three baseline and three endoframe), with volumetric renderings of the velocity magnitude in peak systole seen in Fig. 5 . On the whole, the velocity distribution was similar between the baseline and endoframe simulations in each of the three patients. Patient A displayed high-velocity magnitudes in the hepatic, celiac, and superior mesenteric arteries. High-velocity magnitudes could also be seen in the distal portions of the external iliac arteries. The proximal end of the model, where the diameter of the aorta is the largest, consistently displayed lower velocity values. Patient B showed similar velocity magnitude trends to patient A, but the velocity in the proximal abdominal aorta and both of the renal arteries was higher. Finally, Patient C exhibited high-velocity magnitudes in most of the models' branch vessels, including: hepatic artery, splenic artery, superior mesenteric artery, both renal arteries, and both external iliac arteries.
Although the overall trends in the velocity magnitudes agreed well between the baseline and endoframe models in all three patients, a clear difference is seen in the areas around the struts of the endoframe. Diminished velocity values outline the crosssectional areas of the endoframe struts, as seen in the enlarged cross-sectional slices of Fig. 5 . The velocity magnitudes close to the spatial position of the endoframe struts differ between the baseline and endoframe models, but begin to exhibit the same velocity characteristics further away from the endoframe struts.
Stress. Figure 6 illustrates the stress domain in peak systole for the baseline and endoframe models for all three patients. Overall, the stress domains were similar for each of the patient's two models. The lowest overall scalar stresses were found in the proximal abdominal aorta, and higher stress values were generally found in the branch vessels. Patient C displayed higher overall scalar stress values in its limbs than the other two patients.
Very distinct differences in the stress magnitude distribution are present in the immediate vicinity of the endoframe struts, as seen in the magnified cross sections of Fig. 6 . In all endoframe models, elevated levels of scalar stress are found close to the endoframe features. The stress in the endoframe models decreases further away from the endoframe struts, and the scalar stress field begins to resemble its baseline model counterpart. One exception to this trend is Patient B, who experiences moderate shear along the posterior wall and low shear along the anterior wall of the abdominal aorta in the baseline model. This trend is reversed in the endoframe model.
Normalized Index of Hemolysis (NIH).
The computed NIH is shown for all six models in Table 4 . The NIH of baseline models were consistently lower than their endoframe counterparts. For Table 3 Fig . 5 Volume rendering of the velocity magnitude (cm=s) in peak-systole for the baseline and endoframe models in all three patients. Velocities at a cross section immediately distal to the renal artery ostia are also illustrated in a magnified view. Fig. 6 Volume rendering of the scalar stress field of the baseline and endoframe models for Patients A-C. Stress field at a cross-sectional level immediately distal to the renal artery ostia is also illustrated in a magnified view. Elevated levels of stress can be seen around the endoframe struts for all endoframe models. 
Discussion
The pressures and volumetric flows simulated in this study agreed well with the patients' measured blood pressure and target volumetric flow splits. This indicates that the pressure and flow domains in each patient are well represented. Because the pressure wave at the inlet of each patient's baseline model matched well with the pressure at the inlet of its endoframe model, we can assume that there are no undesirable pressure changes caused by the presence of the endoframe struts. The volumetric flow measured in each pair of patient models is also closely matched, indicating that flow to the renal arteries is unaffected by the partial blockage of the renal artery ostia. We also note that at no point during the cardiac cycle do the renal arteries experience retrograde flow, which is consistent with what we know about blood flow to the kidneys [17] .
The Reynolds number, calculated just distal of the renal ostia, in all models placed the flow conditions to be below the turbulent threshold. This shows that viscous forces play a dominant role in renal flow, with and without the placement of the metal struts. Because the volumetric flow to the renal arteries was virtually unchanged between the baseline and endograft models, the Reynolds number was the same for both cases across all patients.
The velocity distribution is similar in each pair of baseline and endoframe models, with notable differences only in the immediate vicinity of the endoframe struts. Each strut is bordered by an area of low velocity, caused by the no-slip condition applied at the device surface. In regions further away from the struts, similar distributions in velocity magnitude are seen. This indicates that placement of the endoframe struts across the renal artery ostia cause a local disturbance in the velocity magnitude, but ultimately do not have a significant overall effect on the velocity.
Areas of high stress are observed near the endoframe struts in all models, providing regions where red blood cells may have a higher chance of undergoing hemolysis. High-stress values are also observed in the branch vessels of most models, with Patient C exhibiting particularly elevated levels of stress. This is likely because of the fact that the patient has a larger body surface area . A larger BSA corresponds to a larger inflow volume, which will translate to increased velocity yielding a higher stress in the fluid domain. It is interesting to note that the elevated stress found around the endoframe struts is still about twice the magnitude of the stress found in the branch vessels of Patient C. This indicates that the presence of the metallic strut introduces levels of flow stress not normally found in the patient's anatomy.
According to ASTM standard F1841-97=F1830-97 [18] , Table  5 , the NIH should be below 0.01 for an implantable device. All NIH values calculated in this study fall into that category. Although the presence of the endoframe struts introduces local areas of high stress, their overall effect on hemolysis is not significant. Some studies suggest [19] that exposure to extremely high shear stress for short amounts of time does no significant damage to the red cells. Instead, it is prolonged exposure to moderate shears that is the driving factor in red blood cell destruction. Because red blood cells travel in the renal arteries at relatively high velocities, they are inevitably exposed to the high-stress areas around the endoframe struts for a short amount of time.
There is a dearth of computational studies to address the fluid mechanics implications of placing an obstruction across the renal artery ostia, and this work is an attempt to broaden the field. In addition to evaluating the degree of blood damage caused by suprarenal fixation, the findings in this study are also applicable to evaluating the safety of other devices that may cross the renal arteries.
Besides understanding the fluid mechanic implications of device positioning near the renal arteries, biological factors are also important when evaluating the safety of such device placement. Porcine studies with stents placed across the renal artery ostia report neointima forming on some device struts, and, in a number of cases, filling the area between device struts [20, 21] . A rise in serum creatinine levels was also reported. The long-term implications of placing stent struts across the renal arteries have not been widely explored.
Conclusions
Results of CFD modeling of blood flow through patient-specific AAA anatomies with renal ostia partially obstructed by endoframe struts indicate that the overall disturbance to flow is minimal, as measured though pressure, volumetric flow, velocity, and shear stress. The NIH was at least twice as high in the endoframe models as in the baseline models because of the high flow stresses found in the immediate vicinity of the device struts. However, the magnitude of the NIH in all models was well below the accepted design threshold for cardiovascular devices, as defined by ASTM standard F1841-97=F1830-97. 
